Abstract-Neurological or biomechanical disorders may distort ankle mechanical impedance and thereby impair locomotor function. This paper presents a quantitative characterization of multivariable ankle mechanical impedance of young healthy subjects when their muscles were relaxed, to serve as a baseline to compare with pathophysiological ankle properties of biomechanically and/or neurologically impaired patients. Measurements using a highly backdrivable wearable ankle robot combined with multi-input multi-output stochastic system identification methods enabled reliable characterization of ankle mechanical impedance in two degrees-of-freedom (DOFs) simultaneously, the sagittal and frontal planes. The characterization included important ankle properties unavailable from single DOF studies: coupling between DOFs and anisotropy as a function of frequency. Ankle impedance in joint coordinates showed responses largely consistent with a second-order system consisting of inertia, viscosity, and stiffness in both seated (knee flexed) and standing (knee straightened) postures. Stiffness in the sagittal plane was greater than in the frontal plane and furthermore, was greater when standing than when seated, most likely due to the stretch of bi-articular muscles (medial and lateral gastrocnemius). Very low off-diagonal partial coherences implied negligible coupling between dorsiflexion-plantarflexion and inversion-eversion. The directions of principal axes were tilted slightly counterclockwise from the original joint coordinates. The directional variation (anisotropy) of ankle impedance in the 2-D space formed by rotations in the sagittal and frontal planes exhibited a characteristic "peanut" shape, weak in inversion-eversion over a wide range of frequencies from the stiffness dominated region up to the inertia dominated region. Implications for the assessment of neurological and biomechanical impairments are discussed.
I. INTRODUCTION
A NKLE joint mechanical impedance is a dynamic relation between angular displacement and the corresponding torque at the ankle joint. It fundamentally enables natural physical interaction with the environment and humans continuously modulate ankle impedance either voluntarily or reflexively to cope with environmental changes and to achieve various motor goals. Moreover, available evidence indicates that ankle mechanical impedance may be distorted by neurological or biomechanical disorders [1] , and that, in turn, may affect locomotor function [2] . Here, we report a precise characterization of multivariable ankle mechanical impedance and how it varied with lower limb posture.
The human ankle is a biomechanically complex joint including three bones: the tibia, the fibula, and the talus. These bones all come together to allow movements in multiple degrees-of-freedom (DOFs). The anatomical axes of the ankle joint do not intersect, are far from orthogonal, and even change with ankle movement [3] , [4] . Reflexive neural feedback also contributes to multiple DOF ankle impedance [5] . Single DOF movements are uncommon under natural conditions; even in normal human walking, frontal plane ankle motions are substantial [6] . Given the significance of multiple DOF ankle motions, the authors previously investigated static 1 ankle impedance in the 2-D space formed by sagittal and frontal plane rotations in young unimpaired subjects when their muscles were relaxed and active [5] , [7] . These studies quantified directional variations of static ankle impedance, its spring-like property, and contributions of neural feedback. We also studied the ankle impedance of patients with stroke and multiple sclerosis (MS) with relaxed muscles, demonstrating that pathophysiological ankle behavior can substantially deviate from the unimpaired baseline [1] . However, static mechanical impedance may be insufficient to account for more dynamic situations. For example, to estimate the dynamics of normal human walking accurately, frequencies up to 10-15 Hz should be considered: 10 Hz to explain 98% of the power in normal human walking and 15 Hz to account for 99% [8] .
Several research groups have identified dynamic properties of the ankle, but most only focused on a single DOF, mostly in 1 Strictly speaking, the term "quasi-static" is more appropriate than "static," since the velocity dependence of ankle impedance cannot be neglected when velocity is not exactly zero. However, the velocity for our previous study was very low (0.087 rad/s according to [5] ) and the torque due to the velocity dependent term was small compared to the torque due to the position dependent term. Using rough estimates of ankle stiffness Nm/rad and damping Nms/rad, the contribution of the velocity dependent term is less than 0.25% of the overall response.
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the sagittal plane [9] - [11] and only a few in the frontal plane [12] - [14] . Besides studies in healthy people, there have been several studies characterizing the ankle impedance of patients with neurological disorders, such as stroke [15] - [18] , spinal cord injury (SCI) [18] - [20] , cerebral palsy (CP) [21] , [22] , and MS [18] , [23] , all in the sagittal plane. These studies confirm our perception that a precise quantification of ankle mechanical impedance may provide important diagnostic information about the functional consequences of neurological injury.
In this paper, we characterize the multivariable dynamic ankle impedance of young healthy subjects to overcome limitations of previous single-DOF dynamic studies and multi-DOF static studies. Because both neural and biomechanical contributions may vary with task context [24] , [25] we examined both seated (knee-flexed) and standing (knee-straightened) postures. Standard linear time-invariant (LTI) multi-input multi-output (MIMO) stochastic system identification methods [26] , [27] and a wearable ankle robot [28] enabled fast and reliable identification of ankle impedance in joint coordinates, defined by the inversion-eversion (IE) and dorsiflexion-plantarflexion (DP) directions. We quantified the directional variation of ankle impedance, the coupling between different DOFs, i.e., interactions between IE and DP, and the principal axes of multivariable ankle impedance. Although this paper only reports a study of young healthy subjects, it provides an important baseline to compare with ankle impedance of patients with different types of neurological disorders. Neurological impairments may result not only in abnormal reflex feedback but also severe alteration of biomechanical properties. The same experimental protocol and characterization methods presented here may be used to investigate pathophysiological dynamic ankle behavior of patients.
II. METHODS

A. Experimental Setup
We used a wearable ankle robot, Anklebot (Interactive Motion Technologies, Watertown, MA, USA) [28] , as a centerpiece for this study. The robot has very low intrinsic mechanical impedance and actuates left and right linear drives, which in turn apply perturbations to the ankle in joint coordinates. Each motor (Kollmorgen RBE(H) 00714) was operated under current control and torques were reliably estimated from motor currents. Displacements of parallel linear actuators were measured with two optical linear encoders (Renishaw; resolution 5 10 m). Torques and angular displacements at the ankle were obtained by transforming actuator forces and linear displacements through the nonlinear kinematics of Anklebot [5] , [28] .
The main body of the robot was attached to a knee brace and end effectors of the robot were connected to a bracket attached to the bottom of a shoe. To prevent foot slippage inside the shoe, a proper shoe size (among nine different sizes) was selected for each subject, the foot was tightly fastened with shoe laces, and a wide Velcro strap was secured over the laces. In addition, when needed, additional stretch athletic wrap was used over the metatarsal bones and proximal phalanges to increase friction at the interface of the foot and the shoe. The knee brace was also properly selected (among five different sizes) and securely attached to the lower-limb with six straps (two and four for the anterior and posterior sides, respectively) from right below the calf muscles up to mid-thigh.
To use stochastic system identification methods, mild random torque perturbations were applied to the ankle, and commanded torques and corresponding angular displacements at the ankle were recorded at 1 kHz. For the given random perturbations, the lowest distinguishable torque value was 0.24 Nm and 0.35 Nm for IE and DP directions, respectively. Recorded displacements had a resolution of 1.4 10 and 1.0 10 for IE and DP directions, respectively.
Surface electromyographic (EMG) signals of four ankle muscles, i.e., tibialis anterior (TA), peroneus longus (PL), soleus (SOL), and lateral gastrocnemius (GAS), were measured to monitor muscle relaxation throughout the study. Differential surface electrodes with built-in pre-amplifiers (Myomonitor IV, Delsys, Boston, MA, USA) were placed over the muscle bellies. EMG signals were bandpass filtered (20 Hz 450 Hz) and sampled at 1 kHz. Amplitudes of EMG signals were estimated by first removing the dc component of the signals and running a root mean square filter with a moving window of 200 ms [29] .
B. Experimental Protocol
Ten unimpaired young human subjects (five males, five females; all right footed) with no reported history of neuromuscular or biomechanical disorders participated in this study. Subjects were between the ages of 21-37, heights of 1.58-1.90 m, and weights 48.0-80.0 kg. Following procedures pre-approved by MIT's institutional review board, the Committee on the Use of Humans as Experimental Subjects, informed consent was obtained from all subjects.
The maximum voluntary contraction (MVC) of each muscle was first measured following procedures described in [30] . Each MVC level was used as a reference to calculate normalized EMG amplitudes. Next, a neutral position of the ankle in two DOFs was measured while subjects stood upright.
Relaxed ankle impedance was measured in two different postures: seated (knee flexed) and standing (knee straightened). For the seated measurement, the weight of the robot was supported through elastic bands, and a right angle between the thigh and shank was maintained [ Fig. 1 (left) ]. Elastic bands were used mainly to decouple apparatus dynamics from the measured impedance. For the standing measurement, subjects were instructed to place the left foot on a block to provide a clearance between the right foot and the ground. Subjects were allowed to hold a bar in front of them to aid balance and asked to relax their ankle muscles [ Fig. 1 (right) ]. Mild random perturbations in the form of band-limited white noise with a spectrum flat up to 100 Hz were applied to both actuators for 40 s for each measurement.
C. Closed-Loop Identification of Multivariable Ankle Mechanical Impedance
For reliable ankle impedance identification, it is necessary to hold the ankle near its initial neutral position against drift due to gravity. Simple proportional controllers were implemented in actuator coordinates, one for the left and the other for the right were transformed to random force through the linear drive, and this was applied to the simple proportional controller (programmed stiffness represented as ). Force on each actuator due to external ankle torque was denoted as .
actuator. Random input perturbations were integrated for stochastic system identification ( Fig. 2 ). Left and right controllers were implemented independently, with the same controller gain, N/m. In joint coordinates, this corresponds to 9.3 and 19.0 Nm/rad for IE and DP, respectively. This setup was sufficient to keep the system stable for reliable measurements. The initial position of actuator , when the ankle was in the neutral posture, was set as 0.
For each actuator, the closed-loop transfer function between random force perturbations to the actuator and the corresponding linear displacement was represented as (1) where and denote mechanical admittance and impedance, respectively, and is Laplace variable. Since the ankle and Anklebot shared the same displacement, their combined impedance was modeled as a parallel combination of impedance elements (2) Anklebot dynamic impedance was calculated by running the same identification protocol, but with Anklebot unconstrained by a human subject. Finally, ankle impedance was obtained by subtracting Anklebot dynamics and programmed Anklebot stiffness from the closed-loop impedance (3) Ankle impedances in IE and DP were calculated using a nonlinear kinematic transformation from actuator coordinates to joint coordinates [28] .
Multivariable impedance in joint coordinates can be identified by applying standard LTI MIMO stochastic identification methods to the recorded time history of torque and displacement [26] , [27] . Mechanical admittance was identified first, since we applied torque inputs and recorded displacement outputs (4) For brevity, subscripts 1 and 2 were used to denote IE and DP directions, respectively. A brief description of the stochastic identification methods to calculate each element of is provided in [26] , [27] . In a linear system, mechanical impedance can be calculated from the inverse of mechanical admittance , provided is positive definite (5) Thus, in joint coordinates, multivariable ankle mechanical impedance is calculated as (6) A partial coherence matrix , which indicates linear dependency between each input and output after removing the effects of other inputs, was calculated to investigate the linearity of each element of identified impedance and the amount of coupling between the two DOFs (7) Fig. 3 . Impedance identification in rotated joint coordinates. Rotated joint coordinates were defined by a rotational transformation of the original joint coordinates , and the corresponding impedance was estimated. By varying the rotation angle , directional variation (anisotropy) of ankle impedance in IE-DP space was characterized.
A method to calculate partial coherence based on spectral analysis is also provided in [26] . In calculating (4) and (7), power spectral densities were estimated based on Welch's periodogram approach (MATLAB's cpsd function). The number of fast Fourier transform points was set as 4000, yielding a spectral resolution of 0.25 Hz, and a periodic Hamming window was used with 50% overlap of the window size.
Besides estimating partial coherences in the frequency domain, the reliability of identification was also evaluated in the time domain by calculating the percentage variance accounted for % between measured outputs and predicted outputs (8) Predicted outputs were estimated from the convolution of torque inputs and impulse response functions, obtained by inverse discrete Fourier transform (IDFT) of the identified closed-loop mechanical admittances (9)
D. Anisotropy of Ankle Mechanical Impedance
In addition to impedance identification in joint coordinates , we characterized directional variation (anisotropy) of ankle impedance in the two DOFs. With a rotational transformation , new coordinates can be defined (10) where is an angle defined in a counter clockwise (CCW) direction from the axis (Fig. 3) . By applying the same impedance identification procedure to the transformed data and , and changing the angle from 0 to 80 , ankle impedance in any direction in the 2-D space can be calculated. At each angle we checked whether the mild random perturbations applied to each actuator provided enough power to excite the ankle in the rotated joint coordinates.
Once impedance anisotropy was identified in IE-DP space, the directions of greatest and least impedance magnitude, which we defined as the major and minor principal axes, respectively, were calculated.
III. RESULTS
A. Identification of Actuator Dynamics
Prior to ankle impedance identification, actuator dynamics were accurately identified with the same nonparametric identification procedure, but unconstrained by a human subject. Coherences of the actuator dynamics for both IE and DP were higher than 0.9 in all frequency ranges, and the % between measurements and predicted outputs from the identified actuator dynamics was higher than 93.3. In ankle impedance identification, the accurately characterized actuator dynamics were subtracted from the closed loop dynamics of the ankle and actuator.
B. Ankle Mechanical Impedance in Joint Coordinates
In both seated and standing measurements, all subjects successfully maintained relaxed muscles. When EMG amplitudes were normalized to their corresponding MVC, activation levels were under 1.3% MVC when averaged across all subjects, and even the maximum activation for each muscle was always less than 4.3% MVC for each subject (Table I) . Ankle impedance may vary with mean displacement amplitude [31] . For the mild torque perturbations we used, root mean squared (rms) and maximum values of displacement in joint coordinates (IE and DP) were about and (rms) and about and (maximum), respectively (Table II) . The diagonal elements of the partial coherence matrix and were close to unity at all frequencies up to 50 Hz ( above 0.8 Hz), indicating that ankle impedance in IE and DP are well characterized by linear models under the given experimental conditions (Fig. 5) . On the other hand, the off-diagonal elements and were close to zero; even the maximum value was less than 0.3. Low off-diagonal coherence could indicate nonlinearity or negligible coupling between IE and DP. In either case, identified off-diagonal impedances were not reliable because the corresponding coherences were low. To test whether ankle impedance in IE and DP could be treated as independent, the % between and was estimated % , where was calculated based only on the (11) Results showed that the % for both directions and both postures was greater than 90%, when averaged across all subjects (Table III) . We conclude that the low off-diagonal coherence was due to negligible coupling between DOFs.
The diagonal elements of the ankle impedance matrix, i.e., IE and DP impedances, are shown as Bode plots in (Fig. 6) . In a high-frequency region greater than about 8-10 Hz, inertia was dominant (magnitude increased at 40 dB/dec) for both directions and both postures. For DP, the break frequency was greater when standing than when seated. Stiffness was dominant (approximately zero magnitude slope) below this break The best-fit second-order model accounted for more than 98% of the original identification results (Table III) . Samples of measured outputs , predicted outputs from impedance identification , and predicted outputs from the second-order model approximation of a representative subject (subject #1, seated) are shown in (Fig. 7) . Both predicted outputs from identification and from the model accurately reproduced the measurements . The best-fit second-order model parameters of ankle impedance are summarized in Table IV .
At frequencies greater than about 20-30 Hz, resonance and anti-resonance was evident in the DP impedance. This was most likely an artifact due to a vibration mode of the bracket attached to the bottom of the shoe. The same behavior was observed in the mechanical impedance of physical mockups of the ankle using the same shoe bracket. Details are provided in an Appendix.
Because the ankle's operating conditions may change for different lower-extremity functions, it is important to quantify how impedance changes with frequency. In this study, impedance magnitude was calculated in a low-frequency region below 2 Hz and a mid-frequency region between 5 and 8 Hz. Impedance magnitude in different DOFs versus , (Table V) . Pooling all subjects' data for each condition, impedance magnitude satisfied normality conditions , according to a Jarque-Bera test (MATLAB's jbtest function). Paired t-tests (MATLAB's ttest2 function) were performed to investigate statistical differences between groups. Results are illustrated in Fig. 8 . Impedance in IE was always lower than in DP for both frequency regions and postures for all conditions). For each condition, the magnitudes of DP impedance and IE impedance were compared. The difference was greater when standing than when seated, due to higher DP impedance when standing [ Fig. 8(a) ]. No statistical difference of IE impedance between standing (knee straightened) and seated (knee flexed) was observed , but a significant difference was found in DP : DP impedance when seated was about 30% lower than when standing [ Fig. 8(b) ]. Mid-frequency impedance was about 30%-40% greater than low-frequency impedance in all conditions [ Fig. 8(c) ].
C. Directional Variation (Anisotropy) of Ankle Mechanical Impedance with Relaxed Muscles
The directional variation of ankle impedance was identified from calculations in rotated joint coordinates . The increment of the rotation angle was 10 . The input power spectral density (PSD) was first estimated in the rotated joint coordinates. The PSDs of and were flat up to 100 Hz for any , validating that ankle impedance can be reliably estimated in all directions in the IE-DP space using spectral analysis. The directional variation of impedance magnitude was depicted in polar coordinates, where the angle denotes movement direction in 2-D space, and the radius denotes impedance magnitude in that direction. As with our representation of directional variation of static ankle impedance [5] , [7] , 0 , 90 , 180 , and 270 in polar coordinates represent for the right foot eversion, dorsiflexion, inversion, and plantarflexion, respectively. Anisotropy was evaluated as a function of frequency, and results were averaged over a window of 1 Hz between 1 and 20 Hz (Fig. 9) . The characteristic "peanut" shape, weak in IE, was remarkably consistent over this frequency range, though the size of "peanut" shape increased rapidly in the inertia dominated region ( -10 Hz) [ Fig. 9(a) ]. Focusing on the frequencies below 8 Hz showed that both the shape and the direction of principal axes (tilted about 10 in CCW from dorsiflexion) were essentially invariant [ Fig. 9(b) ]. Given the minimal variation at frequencies below the inertia dominated region, a single representative structure was obtained by averaging the magnitudes below 8 Hz. Average results for all subjects when seated or standing are shown in Fig. 10 . Averaged across all subjects, impedance when standing was greater than when seated in directions and according to paired t-tests); otherwise they were not statistically significantly different . The major and minor principal axes were tilted CCW from the original joint coordinates (by 10 when averaged across all subjects); eight and nine out of 10 subjects showed this trend for the seated and standing measurements, respectively. The ratio of impedance magnitudes of the major and minor principal axes was about 2 and 3 for the seated and standing measurements, respectively (Table VI). Note that standing increased major axis impedance by about 50% but had no effect on minor axis stiffness.
IV. DISCUSSION
A method to characterize dynamic joint mechanical impedance in multiple DOFs was developed, and multivariable ankle impedance with relaxed muscles was successfully quantified. The reliability of the characterization method was previously verified under dynamic condition using a physical mockup (Fig. 11) ; stiffness of a steel plate was quantified and the result was compared with its theoretical value, showing only 0.5% of error [32] . Another important issue is how firmly the robot was attached to the leg during measurements. As mentioned in the previous section, for each subject, a proper size of shoe and knee brace were carefully selected and securely tied with multiple fasteners. In addition, the use of mild random perturbations (resulting in rms values less than and for IE and DP displacements, respectively) likely caused little movements of soft tissue around the brace under static postures. Moreover, motion of the knee brace due to soft tissue deformation would be greatest in the standing position and would reduce the apparent ankle stiffness; however, observed stiffness in the standing position was substantially greater than in the seated position, supporting our perception that soft-tissue deformation had minimal influence on our results.
This multivariable study overcomes limitations of previous single DOF studies and multivariable static studies, and provides a distinctive way to characterize several important properties of the ankle as a function of frequency: ankle impedance in joint coordinates, the coupling between different DOFs (IE and DP), and the directional variation (anisotropy) of ankle impedance in IE-DP space. This analysis will serve as an important baseline for further study of healthy people and neurologically impaired patients under different motor conditions. We expect to investigate abnormal reflex feedback and/or neuromuscular abnormalities in neurologically impaired patients, and how it may vary with frequency. Although we characterized the ankle joint, our method is generally applicable to any joint.
The analysis of partial coherences showed that ankle impedance in the frontal plane (IE impedance or and in the sagittal plane (DP impedance or was well characterized by linear system identification methods. On the other hand, coupling between DOFs was negligible; in other words, activations of major muscle groups for DP (IE) caused minimal motions in IE (DP) respectively. The low off-diagonal coherences could not be attributed to nonlinearity because the two DOF observations were accurately explained without the coupling terms of the impedance matrix (Table III) . For our healthy young subjects, ankle impedances in IE and DP were independent, with negligible coupling between DOFs.
Above about 8-10 Hz, impedance magnitude was dominated by inertia, as may be expected. At lower frequencies, impedance magnitude gradually increased with frequency in a manner that is not fully compatible with second-order dynamics (stiffness and viscosity coupled to inertia). It may be described by higher-order dynamics, e.g., a Hill muscle model (with impedance consisting of an elastic element in series with parallel elastic and viscous elements) [33] coupled to the rotational inertia of the foot. Nevertheless, this was a small effect as shown in Table III . With relaxed muscles, the frequency responses of ankle impedance in both IE and DP were largely consistent with a second-order model. The best-fit ankle parameters in the sagittal plane were well matched to previously reported ankle parameters with relaxed muscles [34] . No direct comparison was possible for the ankle parameters in the frontal plane, since all previous measurements in the frontal plane were performed under weight bearing conditions [12] - [14] . The best-fit ankle stiffness in the frontal plane matched our previous static measurements [5] . For all subjects, DP impedance was greater than IE impedance both when seated and standing. In addition, the magnitude of DP impedance when standing was greater than when seated. Since EMGs were silent during measurements, reflex contributions appear to be minimal and the greater DP impedance when standing may be explained solely by the stretch of gastrocnemius, a bi-articular muscle, its two heads originating just above the knee and inserting at the heel. When the knee was straightened in the standing posture, gastrocnemius stretched more than in the knee-flexed posture, causing higher passive stiffness. This effect was negligible in IE, since gastrocnemius is a plantarflexor acting in the sagittal plane.
Ankle impedance was highly direction dependent, being weak in the IE direction, resulting in a characteristic tilted "peanut" shape, which was consistently observed over the entire frequency range from stiffness-dominated through inertia-dominated (Fig. 9 ). This feature is consistent with prevalent ankle injuries in IE [35] , [36] . The shape when seated was comparable to that from our previous multivariable static study with relaxed muscles [5] . When standing, the "peanut" shape was more accentuated due to the increase of impedance in the DP direction, with no significant changes in the IE direction (Fig. 10) .
It would be of interest to examine the effect of larger displacements in the IE direction on the characteristic shape. As pointed out earlier, ankle impedance may vary depending on displacement amplitude; in general ankle stiffness is known to be lower for larger displacement amplitude [31] . However in this study, the difference between IE and DP amplitudes was small: the difference of rms value was and for the seated and standing measurements, respectively (Table II) , from which we expect small effects of different displacement amplitudes on impedance identification. In addition, when we calculated the % for regions of the data records where average displacements for IE are comparable to those of DP, and compared it with the original % derived from whole data (Table III) , the new % value for IE was 92.7 (0.16) and 91.5 (0.47) for seated and standing, respectively (mean (SE) across all subjects are presented). The new % values were slightly lower than the original % values, but the difference between them was less than 1.5%, and still higher than the corresponding original % for DP. In other words, IE impedance obtained from larger displacements competently explained regions of data where displacements were small. Thus, we conclude that the characteristic peanut-shape shown in Figs. 9 and 10 would be maintained even if we used the same amplitude of IE displacement as DP.
In conclusion, even though the human ankle joint is internally complicated (skeletal and musculo-tendon kinematics are highly nonlinear; intrinsic muscle dynamics are nonlinear and high order; and complex, time-varying, yet poorly characterized intra-and inter-muscular reflex feedback is known to exist), the ankle impedance of young healthy subjects with relaxed muscles is externally simple (consistent across most subjects, at least in the context of this experiment). Taken together, the negligible coupling between DOFs, the accurate approximation of ankle impedance by second-order models, and the stereotypical anisotropy of ankle impedance over a wide range of frequencies, all serve as baselines for further study of ankle impedance under different motor conditions.
While several consistent characteristics of ankle impedance were observed in young healthy subjects, we may expect significantly different characteristics in neurologically impaired patients due to altered neuromuscular properties. Lesions of the nervous system due to stroke, SCI, MS, and CP cause motor disorders (spasticity) and show diverse clinical symptoms including exaggerated reflexes, clonus, muscle hypertonia, rigid muscle tone, and so on [37] . To understand the nature and etiology of the neuromuscular abnormalities associated with spasticity at the ankle, these patients' ankle impedance have been studied under relaxed and active muscle conditions as well as under different operating conditions [15] - [21] , [23] , but all in the sagittal plane. While distinctive features of ankle impedance have been reported from each of these prior studies, other important and potentially revealing pathophysiological behaviors of the ankle, unavailable from single DOF studies, may be revealed by multivariable studies such as we report here. For example, our method could quantify the nonlinearity of impaired ankle impedance and the amount of coupling between DOFs in reference to the unimpaired baseline. Further studies seem warranted to quantify this. In case the nonlinearity of impedance is too severe to use the linear method, the method can be extended to include certain types of nonlinearity, such as the parallel-cascade identification method [38] . However, even if a nonlinear method is used, our experimental procedure with a wearable ankle robot actuating multiple-DOF can be used in a similar way.
In fact, our previous static study with stroke and MS patients demonstrated that some patients exhibited highly asymmetric anisotropy of ankle impedance, higher IE impedance than DP impedance, and non-negligible coupling between DOFs even with fully relaxed muscles [1] . Similar abnormalities may be anticipated over a wide range of frequencies. Together with the current study, forthcoming papers by the authors based on [25] reporting the contribution of inter-muscular reflex feedback through curl and passivity analyses, the relation between muscle activation and dynamic ankle impedance, and identification of time-varying ankle impedance, promise an improved characterization of multivariable ankle behavior.
It would be worthwhile to compare our two distinct characterization methods: multivariable static versus multivariable dynamic. The multivariable static study provides an extremely precise nonlinear torque-angle relationship at the ankle over a wide range of motion, regardless of the amount of nonlinearity. Thus, the severity of impaired ankle impedance nonlinearity may be quantified for different movement directions in IE-DP space. However, this method can only provide the static component of ankle impedance, but not viscosity, inertia or higher order dynamics of the ankle in multi-DOF, which may also be significantly affected by altered neuromuscular properties due to impairments. On the other hand, the multivariable dynamic study provides a way to investigate dynamic properties of the ankle joint over a wide range of frequencies. One weakness of this method is that impedance in opposite directions cannot be distinguished because perturbations are applied around an initial position, and impedance is estimated based on all measurements in both directions. Thus, to identify impedance in both of opposite directions as in the static study, separate measurements with different set points are required. A modification of the current linear system identification to include nonlinearity may also enable reflexive components of ankle impedance to be distinguished from intrinsic components in multiple DOFs. Since each method has its pros and cons, a proper method should be selected for different applications.
Multivariable studies of ankle impedance and how it may deviate from the norm as a result of neurological disorders promise to improve diagnosis of pathological behaviors. Furthermore, a regular inspection of this property may enable quantitative assessment of the progress of neuro-rehabilitation, potentially contributing to better design of rehabilitation protocols to improve patients' motor capabilities. APPENDIX RESONANCE AND ANTI-RESONANCE BEHAVIOR OF SHOE BRACKET Measured ankle impedance showed resonance and anti-resonance behaviors at frequencies greater than about 20-30 Hz (Fig. 6 ). To test whether this was a biomechanical property of the human ankle, additional measurements were performed using two types of physical mockup loosely resembling the human leg. The first mockup consisted of a wooden thigh, shank, foot, and a connecting joint made of rubber. The same shoe used in the human experiments was worn on the wooden foot, and the knee brace was installed over the wooden thigh and shank. The robot was attached to the knee brace and the bracket of the shoe (Fig. 11(a) left) . The second mockup consisted of two wooden blocks connected by a steel plate (Fig. 11(b) left) . The robot was attached to the bracket, which was directly connected to the bottom of one wooden block.
For each setup, mechanical impedance in joint coordinates was identified following the same procedures used with human subjects. For the first mockup, the magnitude and phase responses at frequencies greater than about 20-30 Hz were similar to those observed in human subjects ( Fig. 11(a) right) . For the second mockup, similar resonance and anti-resonance behaviors were observed, but at higher frequencies than the first mockup due to the stiffness of the steel plate ( Fig. 11(b) right) . We concluded that the observed resonance and anti-resonance behavior probably originated from vibration of the bracket and not from the ankle. ACKNOWLEDGMENT N. Hogan and H. I. Krebs are co-inventors of the MIT patents for the robotic devices used in this study. They hold equity positions in Interactive Motion Technologies, Inc., the company that manufactures this type of technology under license to MIT.
